Introduction
First studies on bone remodeling were based on clinical observations, [40] . The first mathematical law describing this phenomenon, was a relationship between the strain engendered by external forces, and the variation of bone specific mass. Other remodeling laws were developed, in particular the one which will underpin this work, called in the following 'Stanford' law, [4, 3] . It describes the same phenomenon, relating this time a succession of daily loading conditions (via stresses) to a remodeling rate. Numerical studies, [11, 39, 14] , or theoretical development [1] , using these models of bone remodeling were performed to predict bone adaptation. Apart from the coupling of the sole elasticity with remodeling, using Wolff law or a modified similar law or introducing several description scales, [21, 17, 5] , the influence of interstitial fluid on bone remodeling is often mentioned as in [9] , or in [41] at cellular level. In such cases, various quantities can be selected as a remodeling primary variable (shear, pore pressure gradients...), as discussed in [13, 8, 28, 22, 15, 25] for instance. Other approaches rely on 'solid' quantities arising from additional constitutive mechanisms, such as micro-damage, see [29, 30, 23] , with or without the influence of an interstitial fluid, as in [34, 32] , or viscosity in [2] that leads to a first order system, introducing a constitutive characteristic time. The present work also introduces a characteristic time, relying on hydraulic diffusion. Other couplings can be studied, such as thermoelectrical ones in [27] , but this is out of the scope of this article. Moreover, [28] suggests that the loading frequency could have an influence on remodeling through internal fluid movements.
The aim of this article is to exemplify that a phenomenological macroscopic law can take into account the influence of the loading frequency through the fluid movement of a poroelastic model for bone remodeling. Following the works of [4, 3] , the proposed model is not based on micro-mechanism at cellular or tissue levels, but nevertheless leads to a predictive numerical model once identified for a given bone micro-structure.
As a first step the poroelastic model will be recalled, to represent the presence of both fluid and solid phases. In a second step, a remodeling law will be developed, and numerical results obtained with this law will be compared to experimental data from the literature.
Methods and Procedures

Poroelastic model
The poroelasticity theory describes interactions between solid and fluid phases, at a macroscopic level, in a porous media like bone. Its main equations are detailed in [7, 6] , especially for the conservation equations that are not recalled here. Boundary conditions will be detailed during the numerical identification of the remodeling law.
For a linear poroelastic model, using Einstein's notation, the relationship between total stress tensor σ ij (i, j ∈ {1, 2, 3}), strain tensor ε ij and pore pressure p is
where δ ij is the Kronecker symbol (δ ij = 1 if i = j, and 0 otherwise) and α is the Biot coefficient. In this study an isotropic poroelastic model was chosen, as in [7] . Anisotropic elastic parameters are now available for bone, see for instance [38] , but less has been done for a poroelastic behaviour. Using an anisotropic model may change a little bit the values of the identified parameters for remodeling since we use a numerical computation for identification, but not the major effects of the remodeling. Herein, we still rely on an isotropic model. In this case, the fourth-order Hooke elasticity tensor D ijkl of the drained material depends only on two parameters, for instance: Young modulus E and Poisson coefficient ν. Moreover, the relationship between fluid accumulation q, pore pressure p and relative volume variation, is q = 1 Qṗ + αε kk Q is Biot modulus, taking compressibility into account. Finally, the Darcy law relates the opposite of Darcy velocity W i and pore pressure gradient Z i = p ,i :
For an isotropic behaviour, H = k/µ, where k is the intrinsic permeability and µ the dynamic viscosity of the interstitial fluid. Table 1 gives these material parameters for cortical bone; apart from permeability H which was determined by a coupled experimental and numerical method in [18] , the other values are reported from [33] . At least two time scales arise from this modeling. Indeed, disregarding structural effects on a stress driven monodimensional poroelastic problem leads to, following [24] ,
with an intrinsic time for the poroelastic model
where L is a characteristic length of the structure, and a time scale arising from the loadingσ 11 (t). The 'Stanford' law, proposed in [4, 3] , describes the bone adaptation at macroscopic scale, relating a set of stresses corresponding to successive loading conditions, on a daily basis, to the remodeling rate. A daily stress stimulus, similar to a cumulative law, is defined as
n (i) is the number of cycles of load type i per day, and m is an empirical constant. σ (i) is an average of the local stress (at each point M ) on the loading type time interval I (i) , of length T (i) , during which load type i is prescribed to the structure:
σ eq is here the von Mises equivalent stress (therefore we assume that hydrostatic pressure has no influence on remodeling, unlike shear stresses). In practise, this average can be approximated by simulating only one cycle of loading, assuming that the stabilized cycle does not largely differ from this. At a microscopic scale, there are privileged material surfaces where bone remodeling takes place, see [26, 20, 4] . The 'specific surface', [20] , S v , is related to the bone surface available as remodeling site in a bone sample, divided by the bulk volume of the sample. Indeed, it is a function of bone specific mass. In [20, 4] , an interpolation by a fifth-degree polynomial function is suggested, for which an identification leads to S v (ρ) = −0.3005ρ 5 − 0.0455ρ 4 + 1.9722ρ 3 − 4.5903ρ 2 + 6.7334ρ − 0.0115 (4) when S v is expressed in mm 2 /mm 3 and ρ in g/cm 3 (see Figure 1 ). A remodeling rateṙ can be now introduced, relating the bone specific surface S v , to the bone specific mass rateρ:
ρ v is the true specific mass of the bone tissue (the fully mineralized solid phase), which is an additional material parameter in the model. The remodeling rate is finally related to the difference between the daily stress stimulus ψ and a reference daily stress stimulus ψ ref . With values close to ψ ref , remodeling does not occur and macroscopic bone specific mass is constant; this is the so-called dead zone. Apposition and resorption may occur, depending on the relative value of the remodeling stimulus (see Figure 2 ):
Constants c, w (half width of the dead zone) and the reference daily stress stimulus ψ ref are material macroscopic coefficients that depend on bone properties. As in [3] , w is assumed to be directly related to ψ ref with w = 10 % × ψ ref , and c is determined by assuming that a daily stress stimulus ψ = 2ψ ref would correspond toṙ = 1 µm/day. With these assumptions, the material parameters of the remodeling law, c and w, now only depend on a single parameter ψ ref that remains to be determined, which will be done in the following. 
Remodeling law taking into account loading frequency
The objective is to built a numerical model of bone remodeling taking into account internal fluid movements and loading frequency, to reproduce experimental results of the literature. For the 'Stanford' remodeling law, both the stress and the number of loading cycles are considered and weighted by the empirical constant m. This law does not take into account the frequency of each loading type, though some experiments have shown its influence on bone remodeling, such as [37, 35, 10] .
In this article, we propose first to introduce a scaling parameter in the daily stress stimulus: the time fraction of each load type i, T (i) /T , where T (i) is the duration of load type i at frequency f (i) within each day, and T is equal to one day. Second, we assume that the loading frequency effects could be taken into account via bone internal fluid movements. Indeed, considering (1), the loading frequency has an influence on fluid quantity evolutions; we propose here to use the Darcy velocity as a mechanism to influence bone adaptation (this choice refers to the assumption of cell sensitivity to shearing at microscopic scale, see [8, 12] ). Thus the number of cycles is replaced in 'Stanford' law by an adimensional function of Darcy velocity, g(w (i) ), with the average of velocity norm:
For the scope of this article, the function g is purely phenomenological, and is not obtained from microbiomechanical mechanisms in a microscale analysis, such as migration and cellular differentiation, see for instance [16, 1] . Therefore, the simpler function, allowing the experimental results to be recovered, is sought for. Finally, empirical constant m is removed from the daily stress stimulus, that is now expressed as
The daily stress stimulus ψ is still homogeneous to a pressure. The reference daily stress stimulus ψ ref can be obtained with the same expression as (8), considering a loading condition that maintains bone specific mass constant (more precisely, in the center of the dead zone). Thus, ψ ref , which is still considered as a material parameter, is obtained such as
with a single loading type whose characteristics are a time fraction T ref /T , an average stress amplitude σ ref , and an average Darcy velocity amplitude w ref .
As soon as this reference loading is defined and the function g selected, the reference daily stress stimulus can be obtained. To access local stress and Darcy velocity, a numerical poroelastic simulation is nevertheless required, with previously identified poroelastic parameters. Note that this definition suggests that a uniform stress and a uniform Darcy velocity are obtained on a sample. Since the only available informations are related to global bone structures, a spatial averaging is also required to get the final value of ψ ref .
Results
To complete the model, the material parameter ψ ref and the function g(w) need to be identified. To do so, experimental data from the literature are used, and the model is validated by comparing its results to other experimental results. A first experimental study, from [37] , for which the influence of loading frequency and internal fluid movements on bone remodeling has been highlighted, is used as a first identification and validation of the proposed model, on a mouse ulna. A second study, from [28] , for which an internal pressure is prescribed on a turkey ulna, is used as a second example and validation.
Structural computation for several loading frequencies
Experimental study from literature
In [37] . the authors propose a method to measure the remodeling rate, that was called 'Bone Formation Rate' and expressed in µm 3 µm −2 year −1 , after different cyclic loading frequencies. The considered frequencies are 1 Hz, 5 Hz 10 Hz, 20 Hz, 30 Hz (lower values can been found in other investigations, e.g. [35, 10] ) and their aim was to determine the most efficient frequency for bone remodeling. Tests, depicted in Figure 3 -A, were conducted in [31, 37] on mice ulna, with cyclic global traction/compression loadings. 120 loading cycles were performed per day on a test for each of the selected frequencies, with force amplitudes of 1.5 N and 2 N. Since the number of cycles was constant, the duration of each loading decreases when increasing frequency. These loadings were performed during three days, and mice were killed 18 days after the first loading. These results exemplify the effect on bone remodeling of the loading frequency. This effect is not monotonous with the frequency value. If there is not a clear tendency for the loading amplitude of 1.5 N, for the case of an amplitude of 2 N, the most efficient values for bone remodeling are between 5 Hz and 10 Hz, and the remodeling rate decreases after 10 Hz.
Numerical results and comparisons
In this section we propose first a phenomenological identification of the daily stress stimulus. Then the chosen remodeling law is validated with the experimental results of [37] . To this end, the discretisation of the poroelastic model with remodeling, presented in the previous sections, is performed using a finite element method with hybrid elements for displacement and pressure interpolations (P2 with straight edges / continuous P1), and an implicit Euler time integration scheme.
Ulna have a length of about 2 cm, inner diameter of 2 mm and outer diameter of 3 mm, and a threedimensional mesh of the mouse ulna is carried out with the finite element code Cast3M, [36] , Figure 7 , and the boundary conditions will be selected as close as possible to the experimental situation. In the following, the upper end section of the ulna is denoted with ∂ 1 Ω and the lower one with ∂ 2 Ω.
Choice of a reference daily stress stimulus
The poroelastic material parameters are selected in Table 1 . Concerning the remodeling material parameters, using the relationships of section 2.2.1, reduces the number of unknowns to the single parameter ψ ref as soon as a reference loading is found. Such a loading is considered as a daily condition maintaining bone mass constant, i.e. a 'standard' physical activity, for a 55 g mouse. On the upper section ∂ 1 Ω, normal stress and pore pressure are prescribed, according to the mouse weight, to 2.5 × Table 2 .
Identification and validation of function g
The aim of this section is to identify a suitable function g to reproduce experimental data. The new boundary conditions now consist in the following: on the upper section ∂ 1 Ω, a cyclic normal stress, and a pore pressure are prescribed as F 0 sin(ωt). The pulsation depends on the loading frequency:
. For the identification of the function g, the case with a force amplitude A = 2 N was used. The upper surface being S = 2.22 × 10 −5 m 2 , the external pressure is
On the lower section ∂ 2 Ω, nil displacement and fluid flow are prescribed. For lateral surfaces, the boundary conditions are still the same. Figure 6 shows the average Darcy velocity w (i) versus the loading frequency f (i) , at a representative integration point. Though it increases with the frequency, this evolution is not linear. 
where a is a new material parameter, depending on bone nature. It is identified numerically for the first frequency of 1 Hz: for several values of this parameter, the average remodeling rate is numerically computed and reported in Table 3 . According to experimental results, for a loading frequency of 1 Hz, the remodeling rate is equal toṙ = 120 µm/year. Thus a is taken equal to a = 1.5 × 10 5 s.m −1 . With this value of parameter a, the remodeling rateṙ is numerically computed for the other frequencies, as shown in Figure 4 . The agreement is satisfactory. Using this function, the remodeling rate can now also be computed with a loading amplitude A = 1.5 N: Numerical results are provided in Figure 5 , for which the correlation is also satisfactory. a / s.m −1ṙ / µm.year −1 10 2 52 10 3 53 10 4 53 10 5 82 1.5 × 10 5 118 Table 3 : Remodeling rateṙ obtained with simulation for several values of the material parameter a, and for a loading frequency f = 1 Hz At a first time, a simple linear function of Darcy velocity was chosen for g, [19] . In this case, the influence of Darcy velocity was not sufficient to reproduce experimental results. Because of a lack of correlation between experimental and numerical results, this linear function g was discarded in favor of a quadratic function (11) .
The aim of this work is also to propose a predictive numerical model for bone remodeling. Indeed, the simulation, using a 3D mesh of mouse ulna, distinguishes the areas where the remodeling is the largest. The evolution of bone specific mass is shown in Figure 7 , for the different frequencies. 
Validation on a low amplitude and high frequency loading
Experimental procedure from literature
Another experimental study had shown the importance of fluid movement, and internal pressure, for bone remodeling, in [28] . In this work, the authors applied a fluid stimulus on a turkey ulna, with an internal cyclic high frequency pressure, 20 Hz, and a low amplitude, 8000 Pa, see Figure 8 . This loading was applied 10 min per day, during 28 days. At the end of this procedure, turkey were killed and loaded ulna were cut out and gain in bone mass density were measured and compared with reference turkeys. The main conclusion of this work was the significant mean bone mass increase, with an average of 18%, for turkeys submitted to cyclic loading.
Numerical results and comparison
A numerical simulation is carried out, using the model presented in previous sections. Poroelastic parameters are the same as previously numerical computation, selected in Table 1 . An axisymetric mesh of the turkey ulna is carried out, as shown in Figure 9 , and boundary conditions are selected as close as possible to the experimental situation. An internal pressure is applied as F 0 sin(ωt), with ω = 2πf , where f is the loading frequency of 20 Hz and F 0 is the amplitude of 8000 Pa. On external surfaces, a nil fluid flow is applied. Table 4 .
Material parameter a is calibrated with the same procedure used in previous section. Here cyclic loading is only performed for a frequency of 20 Hz, and a has to be found in order to obtain a mean gain in bone mass density, around 18%, agreeing with experimental results of [28] . Several values of parameter are tested and gain in bone mass density after 28 days of loading is numerically computed as shown in Table 5 . The value of a = 3 × 10 4 s.m −1 is selected.
The local gain in specific bone mass density on turkey ulna is depicted in the field of Figure 10 and values range from 0% to 32%, which agrees with the gain of 30% on periosteal surface, announced in [28] .
Discussion
The theoretical and numerical macroscopic model of bone remodeling, presented in previous sections, takes into account interactions between fluid and solid phases of a poroelastic medium, and the remodeling a / s.m −1 Mean gain in bone mass density after 28 days of loading 0.1 × 10 4 0 % 1.5 × 10 4 3 % 2 × 10 4 6 % 2.5 × 10 4 11 % 3 × 10 4 18 % 3.5 × 10 4 20 % Specific mass increase / % Figure 10 : Distribution of local specific bone mass density, after 28 days of loading stimulus. The trends given by numerical results agree with experimental results which exhibit sensitivity to the loading frequency through the fluid movements. This is taken into account in the model, using a quadratic function of Darcy velocity (11) . The numerical model reproduces privileged loading frequencies for bone remodeling, as for the experimental study, when the amplitude of loading is of 2 N: The most important increase in remodeling rate occurs close to 5 Hz. After 10 Hz, the gain in bone density continues to decrease. Classical remodeling laws, defined at macroscopic scale, like Wolff law in [40] and 'Stanford' law in [4, 3] , do not allow this kind of phenomenon to be reproduced. Indeed these laws fail to take loading frequency into account. 'Stanford' law considers only the number of loading cycles, which is constant for this study, whereas the proposed model depends also on a time fraction, T (i) /T , which decreases when the loading frequency increases.
The second cyclic loading on the mouse ulna, with a force amplitude of 1.5 N, provides once again numerical results similar to experiments, without additional identification. Between 5 Hz and 10 Hz, values for a loading at 1.5 N are roughly half of those obtained for a force amplitude of 2 N and do not clearly exhibit a privileged frequency for bone remodeling. This difference between these two results could be explained by a low value of the remodeling stimulus ψ.
An other numerical computation is carried out, based on a different experimental study in [28] . In this case, a low amplitude (8000 Pa) and a high frequency loading (20 Hz) is applied on a turkey ulna during 28 days, providing an increase in bone mass density of 18%. Two material parameters have been calibrated to reproduce experimental results, parameter a and the reference daily stress stimulus ψ ref .
Numerical results had provided a significant increase in bone mass density, as in the experimental study, in spite of a low amplitude loading. This numerical result provides first the illustration of the numerical model compatibility with a new case of loading, and on a new kind of bone. Secondly, results of these studies (experimental and numerical), exemplify the importance of loading frequency in bone adaptation.
The parameter a, identified for two different bone materials (for a mouse ulna and a turkey ulna), leads to two different values, whose ratio is about 5. Indeed, this parameter may depend on the microstructure of the bone. For the present cases, it implies that a larger fluid movement is required for the turkey case to get the same amount of gain in specific mass, when compared to the mouse case.
The On the other hand, the sensitivity to the parameter a is given in Tables 3 and 5 , where a sensitivity analysis is performed for the identification of this parameter. The relative variation of bone remodeling divided by the relative variation of a, on an average basis for both the studies, is 1.3 %/%.
On the other hand, note that due to a lack of micro-mechanical interpretation of the parameter a, one has to care that both parameters ψ ref and a should be identified on a same basis to get a consistent macroscopic model. For the same reason, though the phenomenological model is able to predict the experiments, it requires to be identified for each bone microstructure, which is a limitation of the model. The same limitation pertains for the 'Stanford' model.
Conclusion
This study proposes a predictive macroscopic model of bone remodeling which takes into account the effects of loading frequency and internal fluid movements. In a first step, a theoretical development introduces a daily stress stimulus of bone remodeling, which takes into account parameters of solid phase state (with stress) and fluid phase state (with Darcy velocity). In a second step, the daily stress stimulus is identified and validated using numerical simulations and experimental data.
Taking into account loading frequency via Darcy velocity, the numerical results agree with experimental data of [37] , exemplifying privileged loading frequencies for bone remodeling between 5 Hz and 10 Hz, for a significant force amplitude. Though not based on a micro-mechanical model of apposition and resorption, this predictable numerical model is able to simulate other kinds of loading, and other bone types, by identification of the parameter a. Once again, the numerical results agree with experimental data.
